Decellularized extracellular matrices (dECMs) have demonstrated excellent utility as bioscaffolds in recapitulating the complex biochemical microenvironment, however, their use as bioinks in 3D bioprinting to generate functional biomimetic tissues has been limited by their printability and lack of tunable physical properties. Here, we describe a method to produce photocrosslinkable tissue-specific dECM bioinks for fabricating patient-specific tissues with high control over complex microarchitecture and mechanical properties using a digital light processing (DLP)-based scanningless and continuous 3D bioprinter. We demonstrated that tissuematched dECM bioinks provided a conducive environment for maintaining high viability and maturation of human induced pluripotent stem cell (hiPSC)-derived cardiomyocytes and hepatocytes. Microscale patterning also guided spontaneous cellular reorganization into predesigned striated heart and lobular liver structures through biophysical cues. Our methodology enables a light-based approach to rapidly bioprint dECM bioinks with accurate tissue-scale design to engineer physiologically-relevant functional human tissues for applications in biology, regenerative medicine, and diagnostics.
Introduction
With the convergence of tissue engineering and 3D bioprinting platforms, these technologies have driven significant advancements towards the creation of more physiologically relevant tissue and organ substitutes in regenerative medicine. In particular, 3D bioprinting systems offer a unique approach for the controlled assembly of cells and biomaterials as well as providing well-defined microstructural topographies and biomechanical properties to recapitulate key features of the native microenvironment [1] [2] [3] . Attaining this level of detail during microfabrication is critical since multiple cell populations in vivo are arranged into highly ordered geometries and are in constant communication with their surrounding matrix to form a tissue-specific function [4] .
While the fabrication of various tissues has been demonstrated via 3D bioprinting [5] [6] [7] [8] [9] [10] , a major challenge is the limited selection of naturally-derived bioinks that mimic the distinct complex biochemical composition of individual tissues to provide the necessary cues to improve and maintain cell phenotype, viability, function, and maturation in vitro [11] [12] [13] . In the advent of decellularization technologies, this strategy offers a promising tool to be able to preserve the innate biochemical constituents and ultrastructure of the native extracellular matrix (ECM) [14] [15] [16] . Furthermore, decellularized extracellular matrix (dECM) has been widely demonstrated as bio-instructive scaffolds to direct and modulate cellular responses including proliferation and differentiation in addition to promoting in vivo tissue repair and regeneration [14, 17] . It has also been recognized that cells cultured on dECM derived from their tissue of origin improved expansion and differentiation potential [18] [19] [20] [21] . Though the exact mechanism is not clear, it is hypothesized that the unique compositional makeup of the ECM in different tissues provides a favorable environment for tissuematched cell types, thus leading to the concept of applying a tissuespecific approach in tissue engineering [22, 23] . Until recently, the application of dECM as novel bioinks has been adopted for extrusionbased 3D bioprinting systems. Pati et al. first demonstrated the successful application of dECM bioinks to construct cell-laden porous adipose, cartilage, and heart tissue analogues using a nozzle-based bioprinter [24] . In this case, the bioprinted tissues supported high viability and enhanced the tissue-specific gene expression of human adipose-derived stem cells (ADSCs), human turbinate mesenchymal stem cells (hTMSCs), and rat myoblast cells when cultured in their respective tissue-matched dECM bioinks compared to collagen I controls, which further highlights the advantages of tissue-specific ECM [24] .
Although promising, dECM hydrogels on their own are inherently mechanically weak with poor structural fidelity. To circumvent these issues, polycaprolactone (PCL) frameworks printed in between dECM bioinks have been used to provide physical support when constructing 3D structures, however, PCL is not readily degradable or remodeled and limits the translation of these tissues for clinical applications [25] . The addition of different molecular weight polyethylene glycol (PEG)-based crosslinkers as well as thiolated gelatin and hyaluronic acid into solubilized dECM have also been used to improve the viscosity of the bioinks and enable better control over the mechanical properties of the final printed tissue [26] . For instance, a two-step crosslinking mechanism that relies on the initial spontaneous crosslinking of the thiol groups with PEG acrylate groups to form a soft extrudable hydrogel followed by UV photopolymerization of the thiol and PEG alkyne groups was employed to stabilize the construct [26] . Similarly, the incorporation of vitamin B2 photoinitiator into heart dECM bioinks has been used to provide tunable mechanical properties through a combination of covalent UVA photocrosslinking and subsequent thermal gelation [27] . Nonetheless while structural supports and crosslinkers are an improvement for dECM bioinks in extrusion bioprinting, the reported printing resolution remains no less than 100 μm and these approaches are relatively slow involving multiple steps which limits their scalability [11, 28] . To this end, there is a critical need for new techniques to 3D bioprint dECM bioinks that enable the creation of tailorable robust microgeometries critical for recapitulating tissue-scale organization and resolution coupled with high-speed fabrication. Furthermore, applying bioprinted dECM to create tunable patient-specific tissues would also represent significant progress in the development of next-generation biomimetic human tissue platforms for future applications in drug screening and as models for biological studies.
To address these challenges, we developed a novel direct method to produce highly tunable tissue-specific dECM-based constructs possessing biomimetic microarchitectures by using a custom digital light processing (DLP)-based scanningless and continuous 3D bioprinter ( Fig. 1) [5] . Specifically, our light-based 3D bioprinting process enabled the simultaneous tuning of mechanical properties and the generation of high resolution complex microscale geometries in mere seconds. We applied this approach to create biomimetically patterned cell-laden 3D dECM heart and liver tissue constructs to guide cellular organization and provide a complex biochemical microenvironment for promoting the maturation of human induced pluripotent stem cell (hiPSC)-derived cardiomyocytes (hiPSC-CMs) and hiPSC-hepatocytes (hiPSC-Heps), respectively. The work presented combines the DLP-based bioprinting of photocrosslinkable dECM bioinks with hiPSC-derived cells as a proofof-concept for realizing the potential of engineering personalized human tissue platforms. In addition, the methods described can be readily adapted to incorporate dECM from other tissues for customizing existing photocrosslinkable hydrogels and serves as a foundation to broaden the library of available tissue-specific bioinks for the production of complex physiologically-relevant tissues and organs.
Materials and methods

Tissue procurement
Heart and liver tissues were freshly harvested from three-month-old healthy Yorkshire pigs weighing approximately 40-45 kg supplied by S &S Farms (Ramona, CA), an approved animal vendor by the Institutional Animal Care and Use Committee (IACUC) at the University of California San Diego (UCSD). The pigs were euthanized by administering a lethal overdose of pentobarbital and the tissues were immediately harvested, transported to the lab on ice, and rinsed of residual blood and clots. To prepare the tissues for decellularization, only the left ventricle was collected from the heart and the hepatic vein and arteries were removed from the liver. All tissues were then minced into 0.5 cm 3 pieces, portioned into tubs, and stored in 1X phosphate buffered saline (PBS, Cat. # 10010023, Gibco™) supplemented with 1% antibiotic-antimycotic (ABAM, Cat. # 15240062, Thermofisher Scientific) at −80°C until further use. All steps from tissue harvest to storage were performed within 2 h to ensure preservation of tissue quality and at least four of each tissue was pooled to minimize potential batch-to-batch variability.
Preparation of decellularized tissues
All decellularization steps were performed in a 37°C benchtop incubator shaker set at 120 rpm and all solutions were supplemented with 1% ABAM and 0.01 mM phenylmethylsulfonyl fluoride (PMSF, Cat. #P7626, Sigma-Aldrich), with the exception of trypsin-EDTA (Cat#: 25200056, Gibco™) and Sorensen's Digest Buffer solution.
Decellularized heart left ventricle (HdECM) was performed as follows. Tissues were first frozen in hypotonic solution at −80°C then thawed and agitated in the incubator shaker for 2 h. Fresh hypotonic solution was replaced and the freeze-thaw process was repeated for a total of four cycles then rinsed with 1X PBS three times for 30 min each. The tissues were then digested in 0.25% trypsin-EDTA for 2 h and rinsed with 1X PBS three times for 30 min each. Next, tissues were incubated in 4% (w/v) sodium deoxycholate (SDC) (Cat. #D6750, SigmaAldrich) solution in 1X PBS for 24 h followed by three 30 min 1x PBS rinses and washed in 0.5% (w/v) sodium dodecyl sulfate (SDS) (Cat#: 436143, Sigma-Aldrich) solution in 1X PBS for 4 h. Tissues were rinsed again with 1X PBS three times 30 min each and digested with DNase (0.66 Units/mL, Cat#: D4513, Sigma-Aldrich) in Sorensen's Digest Buffer solution for 24 h. Finally, the tissues were rinsed for 24 h with deionized water (DI) water and stored in 70% ethanol at 4°C. Decellularized liver (LdECM) was carried out by performing three rounds of freeze-thaw cycles involving freezing of the tissue in hypotonic solution, thawing, and then agitation for 2 h. Tissues were then rinsed three times with 1X PBS for 30 min each and washed in 1% (w/v) SDS solution for 48 h. Following this DI water was used to thoroughly rinse the tissues for 24 h prior to storing them in 70% ethanol at 4°C.
Histological and immunohistochemical analysis of decellularized tissues
Decellularized tissue samples were processed for histological analysis to assess the tissue architecture and removal of cellular content. Samples were fixed in 4% (w/v) paraformaldehyde (PFA) (Cat#: 161-20145, Wako) overnight and rinsed three times with 1X PBS prior to paraffin embedding. Next, sample blocks were sectioned into 5 μm thickness, stained with hematoxylin and eosin (H&E), and imaged with a Keyence BZ-9000 microscope with a multicolor CCD camera.
Immunohistochemical staining was performed to visualize the presence of extracellular matrix constituents post decellularization. Unfixed decellularized tissue samples were soaked in 30% sucrose in 1X PBS for 24 
Scanning electron microscopy
To assess the ultrastructure, decellularized tissues were prepared for scanning electron microscopy (SEM) imaging using established protocols [29] . Briefly, samples were fixed for 1 h at room temperature then overnight in 2.5% glutaraldehyde (Cat. #G5882, Sigma-Aldrich). Gradual dehydration was performed using ethanol followed by chemical drying in hexamethyldisilazane (Cat. #H4875, Sigma-Aldrich) overnight, and then sputtered coated with iridium for 7 s prior to imaging with a Zeiss Sigma 500 scanning electron microscope.
Quantification of dsDNA, glycosaminoglycan, and collagen content
Decellularized tissue samples as well as their respective native tissue controls were frozen and lyophilized for 48 h. For dsDNA and glycosaminoglycan (GAG) content measurement, 50 mg of dried powdered sample was placed in a 1.5 mL eppendorf tube and digested with 1 mL of papain solution (Cat. #P3125, Sigma-Aldrich) comprised of 0.1 mg/ mL papain in 0.2 M sodium phosphate buffer solution (pH 6.4) at 65°C for 20 h with periodic vortexing. After digestion, the samples were centrifuged at 10,000 rpm for 10 min and the supernatant was collected. Residual dsDNA content was measured using the Quant-iT™ PicoGreen dsDNA (ThermoFisher Scientific) and the GAG content with the Blyscan™ Glycosaminoglycan Kit (Biocolor) following the manufacturer's instructions. To quantify the collagen content, 10 mg of dried powdered sample was placed in a 1.5 mL polypropylene tube and homogenized with 100 μL of DI water for 30 s using a vortex. Next, 100 μL of 12 M HCl (Millipore Sigma) was added to each tube and hydrolyzed at 120°C for 3 h in a heat block. The samples were centrifuged at 10,000 rpm for 10 min and the supernatant was collected for collagen measurement using the Hydroxyproline Assay Kit (SigmaAldrich) according the manufacturer's protocol.
Preparation of decellularized extracellular matrix (dECM) solutions
Lyophilized HdECM and LdECM as well as collagen I controls (Cat. #C9879, Sigma-Aldrich) were processed into solution by first mincing them finely with scissors and cryomilled into a fine powder to ensure uniform digestion. Briefly, the minced samples were transferred into a cryomilling chamber containing three 10 mm stainless steel milling balls. The chambers were precooled in liquid nitrogen for 3 min then placed into a Retsch™ MM400 mixer mill and milled at 30 Hz for 2 min. Next, 10 mg/mL of tissue powder was digested for 24 h at room temperature in pepsin digest solution consisting of 1 mg/mL pepsin (Cat. #P7012, Sigma-Aldrich) dissolved in 0.1 M HCl. The resulting solution was neutralized by dropwise addition of NaOH, frozen at −80°C, and lyophilized for 24 h. Finally, the lyophilized solutions were cryomilled again under the same conditions mentioned prior and stored at room temperature until further use. Fig. 1 . Overview of the rapid 3D bioprinting process to fabricate dECM tissue constructs with tissue-specific hiPSCs. Human iPSCs were differentiated into hiPSC-CMs and hiPSC-Heps then subsequently combined with their respective tissue-specific photocrosslinkable dECM bioinks. Digital patterns recapitulating key histological features of each tissue were designed and inputted into a custom-built rapid DLP-based 3D bioprinter to create tissue constructs possessing microscale biomimetic microarchitecture in the order of seconds. This approach can be readily extended to create a wide range of tissue-specific photocrosslinkable dECM bioinks to build personalized human tissue platforms for broad applications in tissue engineering and regenerative medicine.
2.7. Synthesis and preparation of GelMA prepolymer, LAP photoinitiator, and dECM bioinks GelMA was synthesized using previously established protocols [5, 9, 30] . Briefly, a solution of 10% (w/v) porcine gelatin type A (Cat. #G2500, Sigma-Aldrich) in 10X PBS was stirred in a round bottom flask heated to 60°C until dissolved. Next, methacrylic anhydride (Cat. # 276685, Sigma-Aldrich) was added dropwise to a final concentration of 8% (v/v) then stirred for 3 h at 60°C and diluted with an equal volume of prewarmed 1X PBS. The resulting GelMA solution was dialyzed against distilled water using a dialysis tube (13.5 kDa, Cat. # 888-10990, Spectrum Laboratories) for 7 days at 45°C. Once dialyzed the GelMA solution was frozen and the lyophilized product was stored at −80°C until further use.
The photoinitiator, lithium phenyl-2,4,6 trimethylbenzoylphosphinate (LAP), was synthesized using previously reported protocols [31, 32] . Under continuous stirring at room temperature under argon, 3.2 g (0.018 mol) of dimethyl phenylphosphonite (Cat. # 2946-61-4, Acros Organics) was added dropwise to an equimolar amount of 3 g (0.018 mol) of dimethyl phenylphosphinite (Cat. # 149470, Sigma-Aldrich) and allowed to react for 18 h. Afterwards, a 4-fold excess of 6.1 g lithium bromide (Cat. # 213225, Sigma-Aldrich) dissolved in 100 mL of 2-butanone (Cat. #M209-4, ThermoFisher Scientific) was added to the mixture and then heated to 50°C. After 10 min a solid precipitate formed and cooled to room temperature overnight. The unreacted lithium bromide was removed from the precipitate via washing with 2-butanone followed by filtration for a total of three times. The resulting white LAP powder solid precipitate was ground with a mortar and pestle and stored at room temperature under argon until needed.
Preparation for each of the photocrosslinkable dECM bioink formulations were conducted as follows. Note that formulations were optimized and chosen for each specific tissue in this study to produce mechanically soft hydrogels suitable for cell encapsulation in the heart and liver tissue constructs. For the heart tissue constructs, stock solutions of 10% (w/v) GelMA + 0.5% (w/v) LAP and 100 mg/mL HdECM solution in 1X PBS were made separately and mixed in a 1:1 ratio immediately prior to bioprinting to yield a final solution containing 5% (w/v) GelMA + 5% (w/v) HdECM + 0.25% (w/v) LAP. Similarly, for the liver tissue constructs the dECM prepolymer solutions were prepared in the same way yielding a final solution concentration containing 5% (w/v) GelMA + 5% (w/v) LdECM + 0.25% (w/v) LAP. Collagen I controls for each formulation were prepared in the same manner by replacing the dECM solution with collagen I solution.
Characterization of swelling ratio
Printed acellular dECM constructs as well as their respective collagen I controls were characterized for long term stability by measuring the swelling ratio. For swelling ratio measurements, triplicate samples were immersed into Ringer's buffer solution at 37°C and images of the hydrated cross-sectional area (A wet ) were taken at 24 h, 72 h, 7 day, 21 day, and 28 day time points with a Leica DMI 6000-B microscope. A separate set of triplicate samples for each group was air dried overnight and used to measure the cross sectional dry area (A dry ). The swelling ratio for each time point was calculated by normalizing the average hydrated cross-sectional area to the average dry cross-sectional area (A wet /A dry ). The average cross-sectional area of each construct was measured using ImageJ software.
Mechanical testing
The compressive Young's modulus of printed acellular dECM constructs and respective collagen I controls were measured using a CellScale MicroSquisher (Waterloo, Canada) microscale mechanical testing apparatus. Briefly, samples were equilibrated at 37°C overnight and prior to each measurement the samples were preconditioned for two cycles at 0.8 μm/s strain rate to remove the effects of hysteresis. For data collection, compression was performed at 10% strain with 30 s compression followed by 2 s hold and 10 s recovery. The Young's modulus was calculated using a custom MATLAB code by measuring the slope of the force versus displacement curve.
Human iPSC-derived cardiomyocyte differentiation and culture
Human iPSCs were produced using previously established methods [5, 33] . Cells sourced from human adult dermal fibroblasts (HDF, Cat. # 106 K-05a, Cell Applications Inc.) and human perinatal foreskin fibroblasts (BJ, Cat. # CRL-2522, ATCC) were cultured in complete medium comprised of DMEM (Cat. # MT10013CV, Corning) supplemented with 10% fetal bovine serum (Cat. # 101, Tissue Culture Biologicals) and 1% ABAM (Cat. # 45000-616, Corning). Cells were incubated at 37°C with 5% CO 2 and passaged every 3-5 days at a ratio of 1:6 using 0. Cardiac differentiation was performed using the PSC Cardiomyocytes Differentiation Kit (Cat. # A25042SA, Life Technologies) and for all steps cells were cultured at 37°C with 5% CO 2 under normoxia with medium exchange every two days ( Supplementary Fig. 1 ). Prior to differentiation, hiPSCs were dissociated by incubation with Accutase (Cat. # AT104, STEMCELL™ Technologies) and seeded into 12-well plates coated with hESC-qualified Matrigel substrate (Cat. # 354277, Corning) and allowed to reach 80-90% confluence after 3 days of culture. Differentiation was induced by incubating in cardiomyocyte differentiation medium A in the first 48 h and subsequent incubation in cardiomyocyte differentiation medium B for an additional 48 h. Next, the cells were cultured in cardiomyocyte maintenance medium for 8 days. Upon observing spontaneous contraction at 8-9 days of differentiation, at day 12 the cardiomyocytes were purified by incubating in RPMI1640 medium without glucose (Cat. # 11879020, Life Technologies) supplemented with 4 mM lactate (Cat. # 129-02666, Wako Pure Chemical) for an additional 6 days. Following purification, cells were cultured in HEPES buffered RPMI1640 medium (Cat. # 22400089, Life Technologies) supplemented with 2% (v/v) B27 (Cat. # 17504044, Thermo Fisher Scientific) for 7-10 days. To prepare the cells for bioprinting, hiPSC-cardiomyocytes (hiPSC-CMs) ( Supplementary Fig. 2a) were dissociated with 0.25% trypsin-EDTA for 5 min, pelleted at 300×g for 3 min with the supernatant removed, and the cells were placed on ice.
Human iPSC-derived hepatocyte culture
Human iPSC-derived hepatocytes, iCell ® Hepatocytes 2.0 (Cat. # PHC-100-020-001, Cellular Dynamics International), were purchased and used according to the manufacturer's instructions. In general, the cells were thawed and plated into a 6-well plate coated with collagen I and 2D-plating medium was exchanged daily for the first 4 days post plating, after which maintenance medium was used and exchanged every other day ( Supplementary Fig. 2b ). At day 7 post plating, the cells were dissociated with Accutase for 3 min at 37°C, counted with a hemacytometer, and pelleted by centrifugation at 200×g for 3 min. The supernatant was carefully removed and the cells were placed on ice for subsequent bioprinting.
3D bioprinting system and fabrication of dECM tissue constructs
An in-house rapid digital light processing (DLP)-based 3D bioprinting system (Fig. 1 ) was used to fabricate the tissue constructs in this study. The rapid 3D bioprinter consists of: i) a UV light source (365 nm, Hamamatsu); ii) a computer for sliced image-flow generation and system synchronization; iii) a digital micromirror device (DMD, Texas Instruments) for optical pattern generation; iv) a set of projection optics; and v) a stage for sample position control (Newport). In particular, the DMD chip (composed of approximately two million micromirrors) modulates the uniform UV light and projects an optical pattern dictated by user-defined images onto the photo-crosslinkable solution. The linear stage, controlled by custom computer software, allows for simultaneous and continuous control of the projected image and the focal plane. All digital patterns were designed in Adobe Photoshop and loaded as PNG files into the custom 3D bioprinting software. More specifically, the bioprinted heart and liver tissue construct dimensions measured 3 mm (L) x 3 mm (W) x 250 μm (H) as shown in Fig. 4b . For the heart tissue constructs a striated pattern consisting of parallel lines 60 μm in width separated by 60 μm spacing was designed. For the liver tissue constructs, a lobular pattern with small circular regions representing the portal triad and central vein was designed such that each hexagonal lobule was 1 mm in diameter and the sinusoidal regions were 35 μm in width.
Setup of the bioprinting platform for fabricating the heart and liver tissue constructs consisted of two 250 μm thick polydimethylsiloxane (PDMS) spacers positioned between a methacrylated coverslip and a PDMS base fixed onto a glass slide. The prepolymer solution was then carefully pipetted between the PDMS spacers and the entire glass slide was placed onto the motion controller stage followed by light exposure to produce the biomimetic patterned construct. For the cellularized heart and liver tissue constructs, hiPSC-cardiomyocytes and hiPSC-hepatocytes were pelleted and resuspended in the dECM bioink or collagen I bioink prepolymer solutions at a final concentration of 50 million cells/mL and 30 million cells/mL, respectively, prior to loading into the bioprinting platform. Immediately after printing, the tissue constructs were placed in a 24-well plate and rinsed first with prewarmed 1X PBS followed by medium to remove residual prepolymer solution. Fresh medium was then added to each of the wells and the tissue constructs were incubated at 37°C and 5% CO 2 for the entire culture period and medium was exchanged every other day. For the heart tissue constructs, RPMI640 medium with ROCK inhibitor and 20% (v/v) fetal bovine serum (Cat. # 10438026, Gibco) was used to culture for the first 48 h post printing after which RPMI1640 only medium was used for subsequent culture. Meanwhile, hepatocyte maintenance medium was used to culture the liver tissue constructs. All bioprinting steps were performed within 2 h of cell dissociation to ensure optimum viability is maintained.
Cell viability assessment
Cell viability was assessed in the bioprinted dECM tissue constructs and corresponding collagen I control at 24 h, 72 h, and 7 day time points. Live/Dead™ Viability/Cytotoxicity kit (Cat. #L3224, Thermo Fisher Scientific) was used to visualize cell viability in the tissue constructs by staining with 2 μM calcein AM and 4 μM ethidium homodimer-1 in 1X PBS for 30 min at 37°C. Fluorescent images were taken using the Leica DMI 6000-B microscope. CellTiter-Glo ® 3D cell viability assay (Cat. #G9681, Promega) was used to quantify the cell viability across the culture period. Briefly, duplicate samples were placed in a 24-well plate and equal volumes of media and CellTiter-Glo ® 3D
Reagent was added. The samples were then shaken at 160 rpm for 1 h at room temperature to ensure effective extraction of ATP from the tissue constructs. Next, 200 μL of each sample was transferred into a white opaque-walled 96-well plate and the ATP content was calculated based on an ATP standard curve generated using ATP disodium salt (Cat.
#P1132, Promega) according to the manufacturer's protocol. Luminescence was measured with a Tecan Infinite ® M200 PRO microplate reader.
Immunohistochemical staining of cell-specific markers
Immunohistochemical staining was used to visualize for the presence of cell-specific marker expression of the hiPSCs after 7 days of culture. Briefly, the bioprinted dECM tissue constructs and respective collagen I controls were rinsed with 1X PBS and fixed in 4% PFA for 15 min at room temperature, followed by rinsing three times with 1X PBS to remove residual PFA. The samples were then incubated in blocking solution, comprised of 2% (w/v) bovine serum albumin (BSA, Cat. #700-100P, Gemini Bio-Products) with 0.1% (v/v) Triton X-100 in 1X PBS, for 1 h at room temperature. Next, primary antibodies were diluted in blocking solution and incubated overnight at 4°C as follows: 1) heart tissue constructs: α-actinin (1:100, Cat. # ab9465, Abcam); and 2) liver tissue constructs: E-cadherin (E-cad, 1:100, Cat. # ab1416, Abcam), albumin (Alb, 1:100, Cat. # ab137885, Abcam). The samples were rinsed three times with 1X PBS and incubated with secondary antibodies diluted in blocking solution for 1 h at room temperature as follows: 1) heart tissue constructs: phalloidin (actin) CF633 conjugate 
Quantitative RT-PCR analysis
Quantitative reverse transcription-polymer chain reaction (RT-PCR) was performed at 7 days for all dECM tissue constructs and corresponding collagen I controls to assess the expression level of cell-specific genes for each tissue group. RNA was isolated from the samples by pooling at least 10 samples from each group by adding ice cold TRIzol reagent (Ambion Life Technologies) and vigorously pipetting to fully lyse the cells. For 2D hiPSC controls, TRIzol reagent was added to each well, incubated for 5 min, and pipetted multiple times. Total RNA was isolated and purified using the Direct-zol RNA MiniPrep Kit (Zymo Research) in accordance with the manufacturer's instructions. RNA concentration was measured using the NanoQuant™ Plate and read with a Tecan Infinite ® M200 PRO microplate reader. The extracted RNA was then stored at −80°C until further required. cDNA synthesis was performed on 100 ng of input RNA from each sample group using the PhotoScript ® first strand cDNA synthesis kit (Cat. #E6300S, New England Biolabs) following the manufacturer's protocol. Real-time RT-PCR was conducted using the KAPA SYBR9 ® Fast
Universal kit (Cat. # KK4602, KAPA Biosystems) and detected using a StepOne™ Real-Time PCR System (Thermo Fisher Scientific), along with human specific-primers (Integrated DNA Technologies) for the heart (i.e. NKX2.5, MLC-2v, TNNT) and liver (i.e. AFP, TTR, ALB) (Supplementary Table 1) . No-RT and no template controls were included on every plate. Data was analyzed using the comparative Ct method with normalization to the housekeeping gene, glyceraldehyde 3-phosphate dehydrogenase (GAPDH), and reported as relative to their respective 2D cultured controls without dECM or collagen I.
Statistics
All data are expressed as a mean ± standard deviation (SD). Statistical analyses were performed using GraphPad Prism version 6.0 Software by one-way ANOVA with Tukey's post-hoc comparison or twotailed parametric paired t-test. Significant differences were considered when p < 0.05.
Results
Characterization of dECM
Tissue-specific dECM from porcine heart left ventricle (HdECM) and liver (LdECM) were prepared using optimized decellularization protocols to yield a white intact fibrous biomaterial (Fig. 2a) . For each of the dECM tissues, the decellularization conditions sufficiently removed all cellular components while being gentle enough to preserve the native ultrastructure of the tissues as shown in the hematoxylin and eosin (H& E) stained sections (Fig. 2a) . Namely, the distinct microarchitectures of each tissue were clearly visible showing the dense striated matrix of the heart as well as the lobular and sinusoidal regions of the liver (Fig. 2a) . Upon closer examination under SEM, higher ordered architectures of collagen in all dECM tissues can be seen with networks of thin and thick fibrillar structures (Fig. 2a) , which confirms minimal structural damage as collagen is the predominant component of the ECM [34] .
The retention of key ECM constituents for each of the dECM tissues was qualitatively verified by immunohistochemistry. Positive staining for collagen I, collagen IV, fibronectin, and laminin was detected for HdECM and LdECM (Fig. 2b) . Quantitative measurements for doublestranded DNA (dsDNA) content in the native and dECM tissues demonstrated a significant reduction in residual dsDNA for all dECMs to less than the 50 ng/mg dry tissue, which is the criteria for successful decellularization (Fig. 2c) [15] . The measured collagen content showed a significant enrichment of collagen in all dECM tissues relative to their native tissue controls due to the removal of cellular contents and purification of the ECM constituents post-decellularization (Fig. 2d) . Although there was an observed significant reduction in glycosaminoglycan (GAG) content for HdECM and LdECM compared to their respective native tissue controls (Fig. 2e) , this occurrence can be attributed to the detergent based decellularization treatments which has been shown to remove GAGs with prolonged washing [35] . In general, the decellularization protocols for each tissue were able to preserve the structural integrity of the native ECM as well as retention of major ECM components.
Photocrosslinkable dECM bioinks with tailorable microgeometry and mechanical properties
To process the tissue-specific dECMs into a photocrosslinkable bioink compatible with DLP-based 3D bioprinting, the dECMs were first prepared into a solubilized form via a combination of mechanical processing and enzymatic digestion (Fig. 3a) . This was carried out by lyophilizing the dECM and cryomilling into a fine powder to ensure uniform digestion prior to treatment with pepsin. During this time, samples were digested at room temperature for 24 h to minimize the loss of collagen molecular integrity in the dECMs [34] . The resulting dECM solution was then lyophilized and cryomilled once more to yield a fine powder that could be readily reconstituted with 1X PBS to desired concentrations. Collagen I for each tissue group was prepared in the same fashion to serve as controls. This multistep process used to form the dECM into a homogenous solution was critical for physically reducing the dECM particle size to ensure high resolution of the final printed construct. To create mechanically soft 3D printed hydrogels for encapsulating cells in the heart and liver tissue constructs, HdECM or LdECM solutions were combined with photocrosslinkable gelatin methacrylate (GelMA) (Fig. 3b) at ratio of 1:1 to produce a bioink composed of 5% (w/v) of dECM and 5% (w/v) GelMA with the addition of 0.25% (w/v) lithium phenyl-2,4,6 trimethylbenzoylphosphinate (LAP) as the photoinitiator. All dECM bioink formulations remained liquid at room temperature as a homogeneous solution and were easily loaded into the printing chamber for subsequent 3D bioprinting.
We next investigated the ability to modulate the mechanical properties of our dECM constructs since matching the matrix stiffness to that of native tissues is a crucial parameter for directing stem cell differentiation and behavior [36, 37] . The effects of exposure time on the modulus of the printed dECM constructs was evaluated to demonstrate the range of mechanical properties achievable with each dECM bioink formulation while maintaining structural integrity ( Fig. 3c and d) . This was accomplished by precisely controlling the crosslinking density via free-radical polymerization of the GelMA component in our dECM bioinks through UV irradiation. In this case, the light intensity was optimized for each dECM bioink formulation to generate well-defined structures and was kept constant under each printing exposure time condition. In general, increasing the exposure time resulted in a successively higher compressive Young's modulus for both dECM bioinks tested. For the HdECM and LdECM bioink formulations, mechanically soft constructs ranging in approximately 1.5-6.5 kPa and 2.5-6.0 kPa, respectively, were measured after exposure to UV light for 20, 30, and 40 s. No significant differences in modulus was measured between each of the dECM bioinks and their collagen I bioink controls for each printing condition tested. Furthermore, when comparing between each exposure time for both the HdECM and LdECM constructs the increase in mechanical stiffness were significantly different. These results validated that by using our DLP-based bioprinter, the compressive modulus of the resulting dECM hydrogel construct can be easily tuned by varying the exposure time variable without altering the bioink composition in each formulation. To demonstrate the resolution achieved with the dECM bioinks a series of parallel lines spaced 125 μm apart with widths of 250, 125, 60 and 30 μm were successfully printed (Fig. 3e) . The dECM lines were well-defined with clear separation between adjacent lines and no visible deformities post printing. The versatility of the DLPbased 3D bioprinting system to fabricate complex 2.5D dECM-based biomimetic microarchitectures in a single print was also shown. In this case, hierarchal vascular networks (Fig. 3f and g ) of varying widths ranging from 30 to 180 μm show the generation of intricate bifurcated geometries at physiologically relevant length scales.
Bioprinting of biomimetic dECM tissue constructs
Due to the high resolution and tunable modulus achieved by printing with the dECM bioink formulations, we assessed their application for the production of cellularized miniature biomimetic dECM tissue constructs. A set of two different biomimetic patterns capturing the key histological features of the native heart and liver were designed at tissue-length scales (Fig. 4a) . In particular, equidistant parallel lines 60 μm in width and spacing was chosen for encouraging aligned myocardial tissue formation. Hexagonal lobular structures 1 mm in diameter separated by sinusoidal regions were designed to recapitulate the unit structure of the liver.
The bioprinting exposure times for each of the heart and liver dECM tissue constructs were chosen based on the minimum time required to attain high feature resolution and structural stability. In this case, the modulus for the heart tissues were 3.4 ± 0.9 kPa for the HdECM construct and 3.4 ± 0.6 kPa for the collagen I construct control. Similarly, the modulus of the liver tissues was 2.9 ± 0.1 kPa for the LdECM construct and 2.6 ± 0.1 kPa for the collagen construct control. In both cases, the soft mechanical properties were important to ensure that spreading of the encapsulated cells and remodeling could occur in the bioprinted tissue construct.
The printed miniature acellular dECM constructs ( Fig. 4b and c) for each tissue type closely resembled their assigned digital patterns as shown in Fig. 4a with well-defined micron feature sizes matched to their intended dimensions. When hiPSC-CMs and hiPSC-Heps were encapsulated at high densities of 50 and 30 million cells/mL, respectively, the microarchitecture of the printed cellularized constructs after 24 h in culture could be visibly seen (Fig. 4d) . Macroscopically, the printed dECM constructs maintained their shape and were easily handled by manipulation of the methacrylated coverslip ( Fig. 4e and f) . The equilibrium swelling ratio for each of the acellular printed dECM constructs was also measured over 28 days to evaluate the physical stability under prolonged incubation at 37°C (Fig. 4h-j) . At all subsequent time points, the HdECM and LdECM constructs remained at an approximate swelling ratio of one relative to 24 h post printing with no significant changes in swelling over time and were structurally robust. Collagen I construct controls for each tissue also exhibited the same behavior and were not significantly different at each time point in relation to their respective dECM constructs.
dECM tissue constructs maintain high viability of hiPSC-derived cells and patterned microarchitectures guide cellular organization
The viability of hiPSC-derived cells cultured in each of their tissuespecific dECM constructs was evaluated using Live/Dead™ staining and CellTiter-Glo ® 3D cell viability assay at time points of 24 h, 72 h, and 7 days (Fig. 5) . In this case, the printed striated and lobular patterns were maintained across the entire culture period for both the HdECM and LdECM constructs as well as their respective collagen controls. Interestingly, in the heart tissue constructs hiPSC-CMs parallel to the printed lines were observed after 24 h in the HdECM constructs and collagen, which gradually became more organized by 7 days. Live/ Dead™ fluorescent images also showed high cell viability with minimal death in both types of constructs across all time points (Fig. 5a ). This was consistent with the metabolic activity, as measured by the CellTiter-Glo ® 3D cell viability assay, showing constant levels across the culture period for both the HdECM constructs and collagen I controls with no significant differences detected among the two groups and between each time point (Fig. 5b) . However, after 7 days in culture more densely packed cells in areas parallel to the printed lines was observed in the HdECM constructs compared to a thinner network of aligned cells in the collagen controls (Fig. 5c) . Furthermore, in the absence of external stimuli cardiomyocyte beating was recovered by 72 h in both constructs and synchronous contraction parallel to the printed lines was present in more regions of the HdECM construct (Supplementary Movie S1) at 7 days compared to the collagen I controls.
Supplementary data related to this article can be found at https:// doi.org/10.1016/j.biomaterials.2018.12.009.
In the liver tissue constructs, Live/Dead™ staining also confirmed that high cellular viability was maintained for both the LdECM and collagen I controls over 7 days (Fig. 5d) , as well as exhibiting similar levels of metabolic activity with no significant changes between time . (g,h) To evaluate the long term stability of acellular bioprinted dECM tissue constructs and their respective collagen I controls, samples were immersed in Ringer's physiological solution at 37°C and the swelling ratio was measured over 28 days. All data are expressed as mean ± standard deviation. (n = 3). points (Fig. 5e) . Qualitatively greater cellular aggregation was observed by 7 days for the hiPSC-Heps cultured in the LdECM constructs compared to the collagen I controls. Notably, high magnifications of the LdECM construct at 7 days revealed relatively larger hiPSC-Hep cluster formation throughout the scaffold with regions of cellular aggregates conforming to the printed hexagonal patterns as compared to the collagen I controls (Fig. 5f ).
dECM tissue constructs provide a conducive environment to support the tissue-specific maturation of hiPSC-derived cells
To determine the effects of dECM on promoting tissue-specific phenotype expression and cellular morphology of hiPSC-derived cells, immunostaining of key markers was used for qualitative assessment. Furthermore, we evaluated cell maturation using quantitative RT-PCR on the relative expression levels of early and late specific genes for each tissue type normalized to their individual 2D controls cultured without dECM or collagen I. Both assays were conducted on the dECM tissues and their respective collagen I controls after 7 days in culture for the heart and tissue constructs.
For the heart tissues, fluorescent images of hiPSC-CMs revealed more areas of positive staining for both α-actinin and actin in comparison to collagen I controls (Fig. 6a) . Cellular localization along the direction of the patterned lines was also more visible in the HdECM constructs with greater co-staining of actin filaments and sarcomeric α-actinin markers. The hiPSC-CMs in the dECM construct within these parallel regions also revealed a denser cellular network. These qualitative findings were consistent with the measured gene expression showing an upregulation of the early transcription factor NK2 homeobox 5 (NKX2.5) relative to the 2D baseline controls (Fig. 6d) , with higher expression in the HdECM constructs although not significant. In addition, compared to the 2D baseline control, both the HdECM and collagen I constructs exhibited a significant increase in expression for myosin regulatory light chain 2 (MLC-2v), which is involved in force generation for the movement of actin filaments. Furthermore, troponin T (TNNT), a mature cardiac marker for regulating muscle contraction, was significantly upregulated in the HdECM constructs compared to the collagen I constructs and 2D baseline controls.
For the liver tissues, visibly larger hiPSC-Hep aggregates and multicellular spheroids were present throughout the LdECM constructs compared to the collagen I controls in addition to more areas of positive staining of both E-cadherin (E-cad) and albumin (Alb) in the LdECM constructs (Fig. 6b) . Gene expression analysis also revealed similar levels of alpha-fetoprotein (AFP) for both the LdECM and collagen I constructs showing a reduction in expression compared to the 2D controls, thus indicating a maturing state of the cells. Consistent with reduced AFP expression, the expression of transthyretin (TTR), which is a plasma protein synthesized and secreted by functional hepatocytes, was significantly upregulated in the dECM constructs relative to collagen I and 2D controls. Furthermore, concomitant to the observed strong albumin staining the expression of albumin (ALB) was also significantly higher in the LdECM constructs relative to collagen I and 2D controls.
Discussion
Over the years, dECM has become an attractive bioscaffold by providing complex structural and biochemical cues mimicking the native niche microenvironment to maintain cell phenotype and tissuespecific differentiation [14, 15, 17] . While solubilized dECM has enabled the formation of hydrogels [38] , the translation of these materials into tissue-specific bioinks for 3D bioprinting applications is still in its infancy. A primary concern with dECM bioinks is their inherent low viscosity which consequently compromises the shape fidelity, resolution, and mechanical properties in extrusion-based 3D bioprinting systems [28] . Current efforts to develop techniques to circumvent these challenges have been mainly achieved through the use of synthetic polymer frameworks and post-print crosslinking [24, 26, 27] . However, a strategy that implements a one-step direct method to rapidly bioprint dECM bioinks into high resolution microgeometries that recapitulate detailed tissue-scale features with well-defined mechanical properties would greatly advance the development of next-generation functional dECM tissue constructs for tissue engineering and regenerative medicine.
In this work, we present a novel approach to fabricate microscale biomimetic tissue constructs using photocrosslinkable dECM bioinks with a digital light processing (DLP)-based scanningless and continuous 3D bioprinter. Compared to conventional extrusion-based bioprinters, our DLP-based bioprinting platform enables the fabrication of fine microarchitectures through the rapid projection of assigned digital patterns onto a photopolymerizable bioink. Moreover, smooth microscale features can be produced in seconds, relative to minutes or hours in raster-like bioprinting modalities, along with high flexibility in generating structures of complex designs [5, 9, 39] . Here, we aimed to evaluate the efficacy of our printing approach to produce biomimetic human heart and liver tissue constructs using hiPSCs-derived cells with tissue-matched dECM bioinks and assess their viability as well as maturation.
Our method of decellularization produced collagen I rich heart and liver dECM with retained GAGs, cell adhesive matrix proteins including fibronectin and laminin, and basement membrane collagen IV that are critical in mediating cellular behavior [40, 41] . Upon successful decellularization of each tissue, we processed the dECMs into a fine soluble powder using a combination of pepsin solubilization and a two-step cryomilling and lyophilization procedure to ensure dECM bioink homogeneity for high resolution printing. The powdered dECM can be stored as a dry off-the-shelf product that can be readily reconstituted with other bioink materials at desired concentrations. To impart photocrosslinking capability, we then combined the processed dECM with GelMA to produce bioink formulations for mechanically soft constructs. This simple method of processing the dECM can be easily adapted to create a wide variety of dECM bioinks derived from other tissue sources to incorporate native biochemical constituents for tissue-specific microenvironments.
The ability to fabricate complex shapes with high resolution as well as the modulation of mechanical properties is necessary for the generation of physiologically-relevant tissues. Using our bioprinting platform, we were capable of printing dECM-based structures as fine as 30 μm and producing complex hierarchal branched geometries in mere seconds, which represents a significant improvement in printing resolution (i.e. < 100 μm) and orders of magnitude faster in fabrication speed compared to extrusion-based systems [11, 28] . Moreover, the resulting vascular structure exhibited high resolution pattern fidelity with fine micron scale features that cannot be readily achieved with current methods using line-by-line or drop-by-drop bioprinting systems [11, 28] . Together these features enable the scalability of our DLP-based 3D bioprinting process to reproducibly generate dECM-based constructs without compromising resolution and design complexity. Having control over mechanical properties during fabrication would also be advantageous since light penetration depth for post-print photocrosslinking would be limited in larger or thicker constructs. In our case, we showed that varying the light exposure time during printing for each of the heart dECM (HdECM) and liver dECM (LdECM) bioink formulations produced a range of compressive moduli. Furthermore, the observed mechanical properties in the soft LdECM and HdECM bioink formulations fell within the spectrum of normal liver [42] (i.e. < 6 kPa) stiffness and the temporal stiffness values of the developing heart [43] (i.e. 2-9 kPa), respectively. Although we demonstrated that the modulus can be tuned through exposure time, other parameters including light intensity as well as bioink concentration and formulation can also be easily varied to control the mechanical properties of the final printed construct. These results showcase the flexibility of our rapid DLP-based 3D bioprinting platform to simultaneously produce smooth well-defined microarchitectures and tailorable mechanical properties during fabrication for any chosen design.
Current studies have revealed that engineered microscale topographical geometries play an important role in influencing cell function, migration, differentiation, and organization [44, 45] . This phenomenon is mediated through contact guidance via the interaction of Representative confocal images of immunohistochemical staining of the bioprinted (a) heart (α-actinin, actin) and (b) liver (E-cadherin (E-cad), albumin (Alb)) tissue constructs and their respective collagen I controls. All samples were counterstained with DAPI nucleic dye. Scale bar, 50 μm. (n = 4). Gene expression of early and late tissue-specific markers for the bioprinted (c) heart and (d) liver tissue constructs relative to collagen I controls. All values were normalized to 2D controls and GAPDH served as the housekeeping gene. All data are expressed as mean ± standard deviation. * = significant to collagen I and 2D controls; ** = significant to 2D controls, (p < 0.05). (n = 3).
cells and biophysical signals from their surroundings [46] . In this context, we designed two individual patterns for the bioprinting of cellularized biomimetic heart and liver tissue constructs. These digital patterns were created to recapitulate the basic unit structure of each tissue, specifically the striated heart and lobular liver structure with tissue-scale feature sizes. The printed acellular tissue structures were robust with high pattern definition and exhibited long-term stability over 28 days with no observed changes in shape fidelity. For 3D bioprinted tissues, attaining physiologically-relevant cellular densities is a desired goal since appropriate cell-cell contact is necessary, particularly for maintaining the viability and function of cardiomyocyte synchronous beating and hepatocyte spheroid formation [47] [48] [49] . Here, we demonstrated that patterned microarchitectures were preserved post bioprinting with the incorporation of high cellular densities of 50 and 30 million cells/mL encapsulated in the heart and liver tissue constructs, respectively. In addition, the high cell viability observed in both the HdECM and LdECM tissue constructs confirmed that the tissuespecific dECM bioinks provided a favorable environment to support tissue-matched hiPSC-derived culture. Interestingly, denser hiPSC-CM alignment along the printed parallel lines was observed over time in the HdECM along with greater regions of synchronous beating by 7 days compared to collagen I controls. Similarly, larger hiPSC-Hep aggregation was visible in the LdECM constructs with more regions conforming to the patterned lobular structure in the LdECM constructs at 7 days relative to collagen I constructs. These findings suggest that hiPSC-derived cells cultured in their native dECM provided a stimulating environment to promote a maturing state while the printed patterns served as guide during tissue development. In particular, cells naturally sense and respond to their biophysical surroundings and this observation can be attributed to microstructural guidance effects on cellular arrangement and function [50, 51] . As such, our bioprinting approach opens the possibility of designing high-ordered dECM-based microstructures at multiple length scales that reflect the detailed geometries of various tissues to provide physically instructive cues for promoting tissue-specific morphology.
Since the recent discovery of iPSCs, their use as a model for studying development and biological mechanisms has grown due to their unlimited self-renewal and pluripotent differentiation capability [52] . In particular, iPSC is an attractive cell source due to their patient-specificity and avoidance of potential ethical issues [52, 53] . It has also been recognized that providing a conducive in vitro 3D microenvironment to improve the differentiation and maturation of hiPSC-derived cells is critical since they are generally immature relative to primary cells [54, 55] . For the bioprinted heart constructs, we found that hiPSC-CMs in the HdECM constructs exhibited improved expression of key cardiacspecific markers as compared to the collagen I controls, owing to the more positive co-staining of α-actinin and actin as well as more visible elongation of the cells. Furthermore, this was coupled by the upregulation of the early cardiac transcription factor NK2 homeobox 5 (Nkx2.5) as well as a significantly higher expression of both the mature markers myosin regulatory light chain 2 (MLC-2v) and troponin T (TNNT) in the HdECM constructs relative to the collagen I and 2D controls. In the liver tissue constructs, a similar phenomenon was also revealed in which hiPSC-Heps cultured in the LdECM constructs had visibly larger spheroids, which corresponds to improved hepatocyte function, as well as more positive staining for both albumin and Ecadherin. The improved maturation state of these hiPSC-Heps was further confirmed by the decrease in alpha fetal protein (AFP) expression relative to 2D controls and significantly increased expression of both late markers, transthyretin (TTR) and albumin (ALB), compared to the collagen I constructs. Together these findings suggest that the complex constituents of the ECM incorporated into the bioinks served as a favorable environment to promote the maturation of tissue-matched hiPSC-derived cells in vitro. This is in agreement with other studies demonstrating that single component ECM substrates such as collagen or 2D cultures with limited biochemical diversity lack the necessary conditions to promote hiPSC-derived cell maturation [56, 57] . Overall, these results provide a promising basis for future work to further investigate the functionality of hiPSC-derived cells within these dECM constructs to generate a robust and mature cell population for drug testing and disease modeling applications.
By interfacing dECM bioinks with DLP-based 3D bioprinting, we presented a novel approach for the rapid construction of biomimetic human tissues possessing tissue-specific biochemical constituents, microscale microarchitecture, and tailorable modulus. Moreover, we demonstrated that our photocrosslinkable dECM bioinks supported high cell viability and improved the maturation of tissue-matched hiPSCderived cardiomyocytes and hepatocytes in a tissue-specific manner compared to collagen I controls. The methods described in this work can be adapted to develop a wide range of tissue-specific dECM bioinks for the rational design of biomimetic tissues having tissue-like cellular density with high resolution topographies to guide cellular organization and well-controlled mechanical properties. Together, these dECMbased liver and heart tissue constructs can open the door for future studies on the long-term stability and functional maturation of hiPSCderived cells in complex biomimetic tissue systems. In future directions, our scanningless and continuous 3D bioprinting platform can also be used to incorporate multiple cells types to create heterogeneous dECMbased tissue constructs as well as the possibility to rapidly generate miniature tissue microarrays for high throughput operations. We envision that our bioprinted dECM-based tissues can serve as potential physiologically-relevant living human tissue platforms and offer a new venue for researchers to study biological disease mechanisms, develop personalized medicine, as well as for diagnostic drug screening applications.
